Abstract. The recently introduced new phase-dependent Doppler model for spectral domain optical coherence tomography ͑SD OCT͒ has shown that the simple linear relation between the Doppler phase shift and the axial velocity component of an obliquely moving sample is not valid. Additionally, for nearly transverse sample motion with high velocities the phase shift will approach a constant value. Consequently, for small Doppler angles the velocity measurement range of the phase-resolved Doppler analysis is limited in SD OCT. Since these undesirable small Doppler angles can not be prevented, for example, in the in vivo 3-D measurement, we introduce a novel method extending the limited velocity detection range taking the signal power decrease due to fringe washout in SD OCT into account. The signal damping of an obliquely moving sample is presented as a function of the axial and transverse displacement by a universally valid contour plot and does not correspond simply to the sum of the axial and transverse effect. A quantitative combination of the Doppler analysis and the signal-damping method is presented with a flow phantom model. The practicability of this new combined method is presented for the blood flow of the saphenous artery in the in vivo mouse model. ©
Introduction
Fourier domain optical coherence tomography ͑FD OCT͒ is a special form 1,2 of OCT, which detects the spectral fringe signal of a full sample depth structure in the spatial domain by using a spectrometer-based system 3, 4 ͑spectral domain OCT, SD OCT͒ or in time-domain by using a frequency-swept light source, optical frequency domain imaging 5, 6 ͑OFDI͒. The detected depth-dependent modulation frequency of the light source spectrum is then analyzed by a Fourier transform, which provides the information on the amplitude and the phase of the light backscattered from within the sample. 7 The axial velocity component of a moving scatterer causes a Doppler phase shift in the spectral interferometric signal. With this, absolute sample velocities can be determined by evaluating the phase differences between adjacent depth scans ͑A-scans͒ in a 2-D OCT image ͑B-scan͒. This functional extension of OCT is called phase-resolved Doppler OCT ͑DOCT͒ and promises clinical applications in imaging and characterization of in vivo blood flow, particularly in the human retina, [8] [9] [10] [11] [12] [13] due to the high imaging speed and sensitivity 14, 15 in SD OCT. This technique can be complicated due to motion artifacts resulting in phase instabilities and a low signal-to-noise ratio ͑SNR͒ caused by the motion induced interference fringe washout. 9, 16 To avoid the effect of interference fringe blurring and the resulting signal power decrease due to sample motion, A. Bachmann et al. proposed the resonant Doppler flow imaging, 17 which generates a variable phase delay in the reference arm to enhance the backscattering signal of the moving sample. The quantitative flow velocity is determined by comparing the intensity signal with moving reference arm to the one with resting reference plane.
The quantitative phase-resolved Doppler flow measurement in SD OCT acts on the assumption that the phase difference of sequential A-scans is linearly related to the flow velocity as v͑z͒ = ⌬͑z͒ 0 4nT A-scan sin , ͑1͒
where the parameter ⌬ denotes the phase shift between consecutive A-scans, 0 is the center wavelength of the OCT system, n shows the refractive index, T A-scan represents the time required for the detection of one A-scan, and is the Doppler angle between the direction of the moving object and the horizontal schematically drawn in Fig. 1 .
But this general assumption holds true only for almost purely axial motion. Lately, a new phase-dependent Doppler model was presented by our group, 18, 19 which takes the transverse component of the oblique motion into account. This new Doppler model reveals that the effective axial displacement during the integration time is reduced and with this the phase shift is smaller than expected with the classic Doppler model. We also showed that for high axial velocity components, and with that large Doppler angles between the flow and the transverse direction, the classic Doppler model operates in good approximation with relative deviations smaller than 1%. In contrast to this, for small Doppler angles and high flow velocities, the phase shift between adjacent A-scans will approach a constant value making it impossible to quantify the flow velocity. For many in vivo blood flow measurements, especially 3-D flow imaging, random and unpredictable Doppler angles occur so that the undesirable small Doppler angles can not be precluded.
Recent developments are focused on techniques for the qualitative imaging of blood perfusion in the human retina and choroid. For the decision weather or not a blood flow exists, the quantitative measurement of the phase shift and the flow velocity is not relevant. First, noninvasive optical retinal angiography was presented by S. Makita et al. 20 using the phase-resolved Doppler analysis to contrast blood vessels. Another technique based on the phase information of the backscattered light is the optical angiography ͑OAG͒, which imposes a constant modulation frequency by moving the reference mirror during the A-scan acquisition to achieve the separation between moving and static structures. 21 , 22 An enhancement of OAG is the single-pass volumetric bidirectional blood flow imaging ͑SPFI͒ by Tao et al. using a modified Hilbert transform algorithm to introduce a constant Doppler frequency shift without the necessity for a moving reference arm. 23 Lately, the ultra-high-speed SD OCT, achieved by applying a novel CMOS detector, has shown its potential for 4-D Doppler imaging of human retinal blood flow. 24 All of these techniques have presented impressive volumetric tomographies by using the example of the human retinal and choroidal vasculature. As indicated by Schmoll et al., 24 not only the imaging of the vasculature is aspired to, but rather the quantification of blood flow, which offers the determination of physiological parameters and functional impairment of diseases. In this regard, quantitative 3-D in vivo measurements were presented using resonant Doppler OCT ͑Ref. 17͒, SPFI ͑Ref. 25͒, and the joint spectral and time domain OCT ͑STdOCT͒ ͑Ref. 26͒. Until now, however, the phase-resolved Doppler analysis with SD OCT is the most often used method for the quantitative flow measurement [8] [9] [10] [11] [12] [13] because of the high phase stability.
As a result of the new phase-resolved Doppler model, for small Doppler angles, which are conceivable particularly in the quantitative in vivo blood flow measurement, our proposal is to extend the limited velocity detection range of the Doppler method in SD OCT by taking the signal damping into account. In a previous study, 27 we observed that the signal power decrease due to oblique sample motion is not just the sum of the axial and transverse effect 16 but shows a specific characteristic depending on the Doppler angle set. This study implements this beneficial effect for quantitative flow velocity measurements. Therefore, we first recall the improved theoretical model for the Doppler phase shift and presentderived from this model-the numerically evaluated signal damping as a function of the oblique sample motion visualized in a universally valid contour plot. Both the limitation of the phase-resolved Doppler analysis at small Doppler angles as well as the feasibility of the signal power damping method to quantify flow velocities exceeding the reliable Doppler measurement range are evaluated using a flow phantom model with a 1% Intralipid emulsion. The quantitative combination of both methods is described based on standard deviations. Finally, a first in vivo measurement in the mouse model is presented where the arterial blood flow is quantified by the combination of Doppler and the signal damping method.
Theoretical Model

Doppler Phase Shift and Mean Signal
A detailed description of the theoretical models for the Doppler phase shift and the signal power decrease as functions of the absolute velocity of an obliquely moving sample can be found in Refs. 18, 19, and 27 . Therefore, the improved theory is mentioned briefly in this section.
The oblique sample motion is described by an axial ⌬z and transverse ⌬x component during the integration time T A-scan of the line detector of the SD OCT system. These parameters as well as the time are transformed into dimensionless coordinates as shown in Eqs. ͑2͒-͑4͒, where w 0 is the beam width ͑FWHM͒ of the Gaussian sample beam, 0 is the center wavelength, and n is the refractive index of the investigated sample. 
Based on the theory of Yun et al. for a small spectral bandwidth of the SD OCT system, 16 the photocurrent containing the interference modulation is integrated over T A-scan = ͓T 1 , T 2 ͔ with a result that is proportional to Eq. ͑5͒, where x m is the x coordinate at tЈ =0, and a m is the complex amplitude of the light backscattered from the scatterer m:
For the Doppler analysis, the phase shift ⌬ between subsequent A-scans of the time intervals ͓−1,0͔ and ͓0,1͔ is calculated by multiplying the complex amplitude N of the first A-scan with the complex conjugate one N* of the consecutive A-scan. Because many different scatterers m within the sample beam during T A-scan contribute to the interference signal, the average ⌬ is considered which corresponds to the argument of the mean value of C cor ͓Eqs. ͑6͒ and ͑7͔͒: ⌬ = arg͓C cor ͑␦x,␦z͔͒ = arg͓N͑− 1,0,␦x,␦z͒N * ͑0,1,␦x,␦z͔͒, and
͑8͒
The motion-induced signal power decrease can be described by the mean signal I mean , which is the squared absolute value of the complex amplitude N, as shown in Eq. ͑9͒. The damping of the signal is defined by the logarithmized mean signal −10 log͑I mean ͒.
The integrals resulting from Eq. ͑6͒ for ⌬ and Eq. ͑9͒ for I mean can be solved analytically only for the case of purely axial motion. 18, 19, 27 For finite transverse displacements ⌬x of the sample motion, these integrals are numerically solved using Mathematica ® 6.0 ͑Wolfram Research, Inc.͒. The resulting ⌬ and I mean values are presented each by a contour plot in Fig. 2 as functions of the normalized axial ␦z and transverse ␦x displacement in the range of 0 to 4. The results of ⌬ in Fig. 2͑a͒ were described in detail in previous studies. 18, 19 In Fig. 2͑b͒ , the logarithmized I mean is shown in steps of 1 dB and color-separated in intervals of 5 dB. The signal power decrease resulting from a purely axial motion is shown 16, 27 by the vertical axis and follows 10 log͓sinc 2 ͑␦z͔͒ In accordance with Ref. 16 , I mean in decibels can be described by 10· log͓͑1 + 0.5· ␦x 2 ͒ 0.5 ͔ for the purely transverse sample motion. The simulated values of ⌬ and I mean for a certain Doppler angle can be read from a linear slope through the origin of the coordinate system. The Doppler angle in the experimental setup is not identical to the angle Ј in the contour plot. The transformation is presented by tan Ј = 2nw 0 0 tan . ͑10͒ Astonishingly, for the case of oblique sample motion, ⌬ and I mean do not follow the widely used classic Doppler model, which considers just the sum of the axial and transverse effect. As a result, for Јഛ 60 deg, the phase shift ⌬ never reaches 2 and oscillates at most around . With decreasing angles Ј, ⌬ approaches a constant value at higher velocities, making it difficult to quantify flow velocities on the basis of ⌬. The result of I mean in Fig. 2͑b͒ shows that points of total fringe washout at ␦z = j do not occur for any Doppler angle set. Instead of this, only oscillations in the signal power decrease appear if the axial displacement ⌬z during T A-scan is at least 0 / 2n within the sample beam with the spot size w 0 . The explanation for this unexpected characteristic of the phase shift ⌬ and the mean signal I mean is based on the fact that the scattering particles are not present in the sample beam during the entire integration time T A-scan leading to a reduced effective axial displacement ⌬z.
Flow Measurement by Signal Power Decrease
Considering the results of the numerical simulation, it becomes apparent that the Doppler flow measurement is limited in use for ЈϽ 45 deg because ⌬ reaches a value less than or equal to for higher velocities. Since this angle range can not be prevented, particularly in the quantitative in vivo blood flow measurement, we propose to extend the limited velocity detection range of the Doppler analysis in SD OCT by taking the monotone signal damping into account. For this kind of flow measurement, a few conditions must be fulfilled. First, the backscattering signal of the flowing medium with the homogenously distributed scattering particles must be higher than the noise level of the OCT system. Second, the signaldamping method requires a reference that contains the signal power at a defined velocity to calculate the signal decrease at a velocity indeterminable for Doppler SD OCT. For this, the often-measured arterial pulsatile blood flow offers a large velocity range between systole and diastole, where the latter is usable as a reference. The diastolic flow velocity is very slow, so that ␦x and ␦z are generally much smaller than 1 and with this are quantifiable using the Doppler analysis. The higher systolic blood flow velocity is then quantified by calculating the signal decrease relative to the diastolic point of time and assuming that the scattering properties of blood do not change between systole and diastole. The experimental flow measurement using the signal decay is presented first by a flow phantom model and second in the in vivo mouse model in Sec. 4.
Experimental Setup
SD OCT System
The measurement system used in this study is based on fibercoupled SD OCT with a free-space Michelson interferometer ͑see Fig. 3͒ and was previously described. 27 The light source is a superluminescent diode ͑SLD 371 MP, Superlumdiodes Ltd., Russia͒ with a spectral bandwidth of 50 nm ͑FWHM͒ and a center wavelength 0 of 845 nm. The light of the SLD is guided to the 3-D scanner head by an optical circulator ͑OC, Thorlabs, USA͒. The scanner head contains a collimator ͑C1͒ to generate a free-space beam, which is divided into a reference arm and a sample arm by a 20:80 beamsplitter ͑BS͒. The sample beam is deflected by two galvanometer scanners ͑xy GS, Cambridge Technology Inc., USA͒ and focused on the sample with telecentric optics and a measured FWHM of the intensity profile w 0 of 6.7 m. The backscattered light is superimposed with the reference light and again coupled into the optical circulator. The self-designed spectrometer in the detection arm contains a collimator ͑C2͒, a reflective gold grating ͑G͒, and the lens system ͑L3͒ for focusing the interference fringes at a CCD line scan detector ͑DALSA IL C6, DALSA, USA͒. The integration time of the line detector amounts to T A-scan =84 s, which corresponds to an A-scan rate of 11.88 kHz at a duty cycle of 100%. The galvanometer scanners and the detector are triggered by an analog input/ output card ͑National Instruments, USA͒. The acquisition and the processing of the experimental data are realized by means of a personal computer and custom software developed with LabVIEW ͑National Instruments, USA͒.
In Vitro Capillary Model
To present the potential of the signal power decrease in the SD OCT for extending the limited Doppler velocity detection range at angles ЈϽ 45 deg, a flow phantom model was used.
In this experiment, a 1% Intralipid emulsion flowing through a glass capillary with an inner diameter of 320 m ͑Paul Marienfeld GmbH & Co. KG, Germany͒ was imaged twodimensionally. The laminar flow of the turbid emulsion was ensured by an infusion pump ͑Fresenius Kabi AG, Germany͒ and a Reynolds number ReϽ 10 for all experiments. The flow rates were set from 2.0 to 24 ml/ h, corresponding to mean velocities of 6.9 to 84.4 mm/ s. The capillary was submerged in water to reduce optical distortion effects. The center of the capillary was positioned at the sample arm focus. Before imaging the flowing Intralipid, a volume scan was detected to measure the Doppler angle resulting in 2.2 deg, which corresponds to Ј of 39 deg in the contour plots in Fig. 2 . For the flow quantification by Doppler SD OCT and SD OCT signal damping, time-resolved B-scans were acquired with a transverse displacement of the sample beam of 0.5 m. The resulting oversampling effect was revoked in the signal processing.
In Vivo Mouse Model
The experiment in the in vivo mouse model represents a pilot study as part of a main research project considering the vasodynamics and its influence on the hemodynamics at the early stage of atherosclerosis. 28 In this feasibility study, the combi- Fig. 3 Schematic of the SD OCT system used in this study: SLD, superluminescent diode; OC, optical circulator; C1 and C2, collimators; L1 to L3, lenses; BS, beamsplitter; RM, reference mirror; xy GS, galvanometer scanners; G, reflective gold grating; CCD, DALSA line scan detector.
nation of the phase-resolved Doppler SD OCT and the SD OCT signal power damping method were tested by experimental data of the saphenous artery of the right leg of a male C57BL/6 mouse under resting conditions without the use of vasoactive stimuli. Before examination, the mouse has been narcotized by intraperitoneal application of 95% ketamine ͑10 mg/ ml͒ combined with 5% xylazine ͑20 mg/ ml͒ using a dose of 10 l per 1 g of body weight. Because of the highly scattering properties of the fur covering the saphenous artery, the skin of the right hind leg was incised to gain access to the vessel. Therefore, only a 
Results
In Vitro Capillary Model
In Here, ⌬͑z͒ is calculated by multiplying the complex Fourier coefficient of one A-scan ⌫ J+1 ͑z͒ with the complex conjugate coefficient of the subsequent A-scan ⌫ J * ͑z͒ in each depth z, where J is the A-scan number. 10, 12, 18, 29 The result, in turn, is a complex value ⌫ res ͑z͒ with ⌬͑z͒ as the argument. For the averaging of ⌬ of adjacent A-scans, the complex data ⌫ res is averaged and the mean value of ⌬ is computed from the resulting argument. For one image, nine adjacent complex A-scans and 15 complex B-scans were averaged to eliminate the oversampling effect and to reduce the strong speckle noise. As seen in the image series at the top ͑Fig. 4͒, emanating from the capillary center the phase shift ⌬ becomes larger with increasing v mean from 6.9 to 16.5 mm/ s. For a v mean of 31.1 mm/ s, ⌬ exceeds . As predicted by the new Doppler model, for higher flow velocities ⌬ does not reach and exceed 2 and consequently does not wrap to the primary interval of ͓0,2͔ as expected by considering the classic Doppler model. Instead, ⌬ amounts to a value of about independent of the flow velocity. Another interesting effect is the phase shift at the backside of the capillary, which was also seen in a previous study. 30 In contrast, the front side of the capillary does not show this shift. Currently, this feature can only be explained by the assumption that light scattered forward from fast moving scatterers is reflected at the capillary backside, resulting in a phase shift different from zero and must be investigated in a future research.
For the structural SD OCT images presented as series at the bottom of Fig. 4 , the real parts of the complex Fourier coefficients ⌫ J ͑z͒ of nine adjacent A-scans are averaged. Subsequently, 15 of the resulting real-valued B-scans were also averaged. The signal power presented in the logarithmic scale is ranging up to 50 dB. It becomes apparent that a monotonously decreasing signal power occurs with increasing mean flow velocity v mean up to the highest flow velocity measured.
For the analysis of the cross section through the capillary center, 64 instead of only 15 B-scans were averaged in the manner already described to average a total of 576 single values for the mean values of ⌬ and I mean . Figure 5͑a͒ shows the phase shifts ⌬ of 12 measurements with mean velocities ranging from 6.9 to 84.4 mm/ s as a function of the calculated sample velocity v assuming a parabolic flow profile. As seen, the data spans a velocity range up to approximately 170 mm/ s, which corresponds to maximum displacements ␦x of 2.1 and ␦z of 1.7. The prediction of the classic Doppler model calculated by Eq. ͑1͒ is presented by the dashed line, showing large deviations at higher flow velocities.
In addition, ⌬ calculated from the new model is plotted as a black solid line and corresponds to the values of the linear slope at Ј= 39 deg drawn in Fig. 2͑a͒ . We can see that the measured data correspond very well to the phase shift of the new Doppler model. Despite of an identical averaging used for the entire velocity range, the data at higher velocities show more noise, most likely caused by the random phases of particles present in the sample beam at only one of the considered A-scans for the Doppler calculation. Figure 5͑b͒ presents the flow velocity profiles ͑index M͒ calculated by using the ⌬ to v relationship of the new Doppler model for = 2.2 deg ͓solid line in Fig. 5͑a͔͒ as a function of the radial position r of the capillary center in comparison to the theoretical prediction ͑index T͒ of the flow velocity according to the Hagen-Poiseuilles law. Here, the positive values of r represent the backside of the capillary. As shown in Fig. 5͑a͒ , the flow velocity according to the new Doppler model can only be calculated unambiguously up to 80 mm/ s corresponding to a phase shift ⌬ of 3.03 rad. Unfortunately, higher flow velocities can not be determined by using ⌬ for the presented experiment.
As shown in the preceding section, a quantitative flow measurement by using the Doppler analysis is limited in use for ЈϽ 45 deg at high flow velocities. Therefore, the signal damping as a function of the absolute sample velocity for the 12 measurements with v mean ranging from 6.9 to 84.4 mm/ s is determined in the next step. As a reference, the signal power measured at zero flow is chosen. Figure 6͑a͒ plots the Despite the speckle noise, the measured data agree very well with the theory of the new model. Because the signal power decreases monotonously, the flow velocity can be calculated unambiguously. Figure 6͑b͒ presents the resulting flow profiles ͑index M͒ in comparison to the theoretical profiles ͑index T͒. As seen, the measured values are in good agreement with the theory. At the border area of the capillary lumen, small deviations can be noticed, which are caused by the strong speckle noise relative to the minor signal damping at small flow velocities.
By considering the experimental results, the question at which flow velocity the signal damping is preferred to the Doppler analysis is addressed in the following section. A weighted mean value of the velocities calculated by using the Doppler and the signal damping method can be determined by taking the error of both methods into account. For this, the weights w v D of the velocity v D calculated by the Doppler phase shift ⌬ and w v S of the velocity v S determined by the signal damping are ascertained as presented in Eqs. ͑11͒ and ͑12͒
where Eq. ͑12͒, the standard deviation of the logarithmized mean signal I mean was measured for the entire measurement range up to −15 dB and results in a constant of 5.6 dB due to the Rayleigh distribution of the OCT signal. 32 The comparison of the weights normalized to its sum is presented in Fig. 7͑a͒ . As seen, the weight w v D of the velocity v D calculated by ⌬ is decreasing with increasing velocity and approaches zero at the uniqueness limit of v =80 mm/ s. On the contrary, the weight w v S of the velocity v S determined by the signal power decrease is almost 0 for small velocities because of the strong speckle noise relative to the minor signal damping and is increasing for higher flow velocities. Consequently, flow velocities up to the intersection point of v =46 mm/ s are dominated by the Doppler SD OCT for the presented experiment with = 2.2 deg. Higher flow velocities are quantified more precisely by the signal damping method. Figure 7͑b͒ presents the weighted mean velocities v weight of both methods calculated by Eq. ͑13͒ for eight representative measurements with v mean of 6.9 to 84.4 mm/ s.
As a result, the velocity measurement by using the signal damping in combination with the Doppler analysis is not only an alternative method but also provides the feasibility to extend the limited Doppler flow measurement range.
In Vivo Mouse Model
In this experiment, data were acquired from the murine saphenous artery in vivo. The resulting grayscale cross-sectional Doppler flow and structural SD OCT images of three consecutive B-scans describing one cardiac cycle are presented in Fig. 8 . The measurement in Fig. 8͑a͒ shows the systole, that in Fig. 8͑b͒ relates to the point of time between systole and diastole, and that in Fig. 8͑c͒ corresponds to the diastole. For one image, 10 adjacent A-scans were averaged in the way described in Sec. 4.1. In contrast to the experiments with the capillary model, a significant signal power attenuation of the flowing blood with increasing depth z can be observed and is caused by the highly scattering properties of the blood for the wavelength range used. 33 On closer examination of the Doppler flow images at the top of Fig. 8 , we can notice that the phase shift ⌬ shows a strong noise even at a sufficiently high signal power and despite of averaging 10 single values. The reason for this effect may be multiple scattering events causing a significant signal in larger depth and probably a noisy phase shift. 34 Accordingly, the phase shift ⌬ can be determined reliably only near the upper side of the vessel lumen. The damping of the mean signal I mean is caused by the continuous phase change during the integration time T A-scan and is consequentially related to the phase shift ⌬. From this it follows that the analyzable depth range for the signal damping is limited to the upper vessel part as well. To determine the feasibility of the blood flow measurement by the signal damping in combination with the Doppler method for SD OCT, the following analysis refers to the limited depth range of the vessel lumen. Figure 9͑a͒ shows the phase shift ⌬ of the A-scan at the vessel center in the interval ͓0,2͔ as a function of the radial position r inside the artery for the intermediate ͑white dia- 
Discussion
The experiments showed that the signal power decrease in combination with the Doppler analysis can be used for the flow measurement. For the routine use of this combined procedure in the in vivo mouse model as part of the vasodynamics research, an SD OCT system with a center wavelength of about 1300 nm should be used because of the reduced scattering and absorption of blood cells in this wavelength range. With this, it should be possible to extend the limited Doppler measurement range in SD OCT for ЈϽ 45 deg by analyzing the signal damping at higher blood flow velocities. Additionally, note that the vessels being investigated must be close to the surface of the surrounding scattering tissue, so that a significant backscattering signal occurs. The influence of multiple scattering on the Doppler velocity profile was analyzed experimentally by Moger et al. 34 This study has shown that the parabolic flow profile of the flowing whole human blood through a 300-m glass capillary becomes increasingly distorted at greater depths of the tissue phantom, consisting of a solution of 20% Intralipid, which may be due to the occurrence of multiple scattering events that cause both falsely registered depths and Doppler shifts. The result presented for 50-m tissue phantom above the glass capillary contains an only slightly changed parabolic profile. In contrast to larger depth relative to the tissue surface, one would expect a flattened and slightly broadened profile. These results were confirmed by Bykov et al. 35 using a Monte-Carlo method for the simulation of the effect of position depth of a particle suspension flow in a light scattering medium on Doppler velocity profiles. Because the signal damping is related to the Doppler phase shift, the measured damping of the mean signal I mean and consequently the resulting flow velocities are not credible as well for the case of multiple scattering. In the presented in vivo experiment, the structure above the saphenous artery is about 40 m, comparable to layer structures above retinal vessels 8, 11, 22 and should cause only a slightly changed parabolic profile which correlates with the fitted exponent K = 2.1 ͓see Eq. ͑14͔͒ for the diastolic and intermediate flow.
Advantageously, the proposed signal damping method can also be used for flow measurement of moving particle solutions normal to the direction of the incident sample beam. For this purely transverse motion, a signal decrease occurs due to the numerous but smaller signals of arbitrary phase during T A-scan compared to the smaller number of scatterers of a stationary sample ͓see the horizontal axis in the contour plot in Fig. 2͑b͔͒ . Therefore, this method joins developments for overcoming the problem of oblique geometry such as speckle flow imaging. 36 A drawback of the speckle flow imaging and the signal damping method is the missing information about the flow direction being available in Doppler measurements. The development 37 of dual-beam Doppler SD OCT offers the possibility of absolute blood flow measurement regardless of the vessel orientation by using two sample beams with different Doppler angles. In this approach, two interferometers with a fixed optical path length difference, in both sample and reference arm, were used to avoid crosstalk. As for the Doppler SD OCT with only one sample beam, a limitation is given for blood flow with abrupt changing direction. Probably, systems based on dual-beam Doppler SD OCT ͑Refs. 37 and 38͒ do not suffer from the washout of the interference fringes at physiological blood flow velocities, but complications resulting from considering just the classic ⌬-v relationship are not excluded. For example, for small Doppler angles corresponding to nearly transverse sample motion and high flow velocities in one sample beam, the phase shift ⌬ will approach a constant value as well. If the angle ␤ between the two beams is about 15 deg as presented in Ref. 37 , the absolute Doppler angle considering the second sample beam would be around 12 deg, resulting in a strong signal washout at higher flow velocities. Consequently, for this particular example, the determination of the absolute sample velocity turns out to be difficult despite of the double phase information. Accordingly, the combination of Doppler and signal damping method could also be a promising extension for flow measurements with dual-beam systems.
Summary and Conclusion
Recently, we presented a new phase-resolved Doppler model for SD OCT that does not ignore the transverse component of oblique sample motion. In addition to the nonlinearity of the measured phase shift to the axial velocity component, it was shown that for small Doppler angles ЈϽ 4 deg ͑␦x Ͼ ␦z͒ and high sample velocities, the phase shift will converge to a constant value. By using the prevalent classic Doppler model for the case of small Doppler angles and high flow velocities, the flow profiles computed are completely false, which can possibly lead to failing medical and clinical interpretations. Since in many Doppler applications small Doppler angles are unavoidable, we propose to determine the flow velocities accurately with the combination of the new Doppler model and the characteristic signal power decrease due to fringe washout in SD OCT.
In this paper, the new relation of the signal damping and the oblique sample displacement was presented by a universal contour plot as a result of the numerical simulation. As for the Doppler phase shift, this diagram is valid for any SD OCT system with a particular center wavelength 0 and the beam size w 0 . For the experimental verification, the limited velocity measurement range of the Doppler SD OCT was presented by using a capillary flow phantom model with a 1% Intralipid emulsion. The feasibility of the characteristic signal power decrease at a certain Doppler angle to quantify absolute flow velocities was presented by the same in vitro experiment and higher flow velocities. Furthermore, a weighting was calculated by considering the standard deviation of the Doppler phase shift and the signal power damping as functions of the sample velocity to determine which method is favored at a certain flow velocity and to calculate the weighted mean value of the velocities of both methods. The second analysis was performed at the acquired data set of the murine saphenous artery in vivo. The limitation of this in vivo measurement was not the Doppler analysis but the strong signal power decrease with increasing depth probably caused by the refractive indexmismatch of blood. 33 Consequently, only the reliable range of the vessel lumen was analyzed concerning the Doppler phase shift and the signal power decrease. Accordingly, for future studies it is indispensable to use a SD OCT system with a center wavelength of about 1300 nm to image the entire depth range of the saphenous artery. In this context, it is also necessary to investigate the influence of the pulsatile blood flow on the distribution of the blood cells within the vessel. A first indication was given in a previous study 39 showing that the erythrocytes are not present in the vessel center and close to the vessel wall. For the blood flow measurement using the combination of Doppler analysis and signal damping method, it is essential that the distribution of the scatterers is not changed with respect to the reference measurement. In conclusion, we presented that a quantitative flow measurement by means of the characteristic signal damping shows great promise to extend the limited velocity measurement range of the Doppler SD OCT analysis at small Doppler angles and high flow velocities. In a prospective study, we would like to evaluate this technique for the in vivo blood flow measurement by using a 1300 nm SD OCT system.
